This paper describes the design and evaluation of a novel easy to use, tissue viability imaging system (TiVi). The system is based on the methods of diffuse reflectance spectroscopy and polarization spectroscopy. The technique has been developed as an alternative to current imaging technology in the area of microcirculation imaging, most notably optical coherence tomography (OCT) and laser Doppler perfusion imaging (LDPI). The system is based on standard digital camera technology, and is sensitive to red blood cells (RBCs) in the microcirculation. Lack of clinical acceptance of both OCT and LDPI fuels the need for an objective, simple, reproducible and portable imaging method that can provide accurate measurements related to stimulus vasoactivity in the microvasculature. The limitations ofthese technologies are discussed in this paper. Uses of the Tissue Viability system include skin care products, drug development, and assessment spatial and temporal aspects of vasodilation (erythema) and vasoconstriction (blanching).
INTRODUCTION
Skin microvasculature is extremely complex in structure. It has previously been determined that there are on the order of 1010 blood vessels in the human body which have comparable dimensions with an RBC, which constitutes approximately 19,000 km of human blood vasculature1, requiring 9% of total cardiac output even in resting conditions2. Lying just under the epidermis at approximately 150 jtm from the skin surface is the upper papillary dermal matrix, which contains the nutritional blood vessels and arterio-venous anastomoses (AVA's). Beneath this layer lies the reticular dermis which is composed of arterioles, venules and firm connective tissue. Changes in arteriole blood flow is controlled by the autonomic nervous system, and this in turn controls the blood flow through the nutritional capillaries, leading to an increase or decrease ofblood flow.
Due to the extraordinarily large amount ofblood vessels in the microcirculation with similar dimensions to an RBC, it is highly probable that a defect in the local circulatory system will occur in microvessels in the immediate area. Defects will become extremely dangerous in a sensitive organ such as in the eyes or ears. Abnormal cutaneous blood flow can indicate serious conditions in organs not close to the skin and if a constant flow of blood does not keep pace with metabolism, tissue necrosis can occur. Many diseases begin at cellular level and most physicians believe that the first signs of those diseases appear as changes in the microcirculation. Recent research has also explored the possible link between skin microcirculation * Further author information: (Send correspondence to Martin Leahy) Martin Leahy.: E-mail: martin.leahyu1.ie , Telephone: +353 61 213056 Gert E. Nilsson.: E-mail: infowl1ee1sbridge.se Telephone: +46 708 765 190
Skin microvasculature is extremely complex in structure. It has previously been determined that there are on the order of 1010 blood vessels in the human body which have comparable dimensions with an RBC, which constitutes approximately 19,000 km of human blood vasculature1, requiring 9% of total cardiac output even in resting conditions2. Lying just under the epidermis at approximately 150 jtm from the skin surface is the upper papillary dermal matrix, which contains the nutritional blood vessels and arterio-venous anastomoses (AVA's). Beneath this layer lies the reticular dermis which is composed of arterioles, venules and firm connective tissue. Changes in arteriole blood flow is controlled by the autonomic nervous system, and this in turn controls the blood flow through the nutritional capillaries, leading to an increase or decrease of blood flow.
Due to the extraordinarily large amount of blood vessels in the microcirculation with similar dimensions to an RBC, it is highly probable that a defect in the local circulatory system will occur in microvessels in the immediate area. Defects will become extremely dangerous in a sensitive organ such as in the eyes or ears. Abnormal cutaneous blood flow can indicate serious conditions in organs not close to the skin and if a constant flow of blood does not keep pace with metabolism, tissue necrosis can occur. Many diseases begin at cellular level and most physicians believe that the first signs of those diseases appear as changes in the microcirculation. Recent research has also explored the possible link between skin microcirculation dysfunction and coronary heart disease3, as well as the blood flow within and outside skin cancers4. Even though this may be true, no method of microcirculation imaging has yet supplanted the awkward and qualitative method of clinical observation for diagnosis of microvasculature conditions. Imaging of tissue perfusion is an extremely important tool in assessing the influence of peripheral vascular disease in the human microcirculation. It is of utmost importance in the diagnosis of various conditions to be able to measure the flow or concentration in relatively small areas of tissue, rather than in the capillary bed as a whole, in order to pinpoint specifically affected areas. Thus significant spatial resolution in the tissue is required, and this resolution is variable with the amount of scattering and absorption presented by the tissue. Many clinical conditions that affect the microcirculation of the skin are still diagnosed and followed-up by observational methods alone in spite of the fact that non-invasive, more user-independent and objective methods are available today. Limited portability, high cost, lack of robustness and non-specificity of findings are among the factors that have hampered the implementation ofthese methods in a clinical setting. The ideal blood flow monitor should be objective, non-invasive, and capable reproducible readings. Image acquisition should be instantaneous, to reduce the misrepresentation of temporal variations as spatial heterogeneity in the tissue RBC concentration. In addition, it should be able to give values for perfusion, which are independent of tissue characteristics such as thickness, capillary density and optical properties. The latter is especially important when considering the varying amounts of melanin presented by interindividual skin, since melanin will act as an absorption filter and modulate the light transmitted to the papillary dermis.
Patient motion has been known to affect results in all microcirculation evaluation techniques, and has been addressed with the technology presented in this paper.
LASER DOPPLER PERFUSION IMAGING (LDPI)
In 1972 Riva and co-workers5 were the first to develop an instrument to measure RBC velocity in a glass flow tube model. By 1975 Stern6 had demonstrated that Doppler shifted laser light could be used to analyse RBC movement in the skin tissues. The single-point measurement laser Doppler perfusion monitor (LDPM) became a commercially available research tool7 and with the onset of home computers and increased computing power, led to the construction of a multi-point measurement imager in 19938. A laser Doppler image is simply an image in which the perfusion has been measured at individual points and placed together on a pseudo-colour map, which is the best method for presenting many single point measurements together8.
The persistent lack ofclinical acceptance for LDPI arises from the limitations ofthe technique. Limitations for LDPI include:
I Lack of an absolute zero measurement. Previously this had been attributed to Brownian motion within the vascular compartment and RBC vasomotion9'10 but more recently has been also attributed to the Brownian motion of macromolecules arising from the interstitial rt1.
I Restricted measurements of 1 mm2 at a time, sensitivity to motion and vibration with poor reproducibility of readings12.
I Lack ofknowledge of sampling depth in the tissue. I Mechanical steering of the laser beam takes substantial time, and temporal effects can be mis-interpreted as spatial heterogeneity in the microvasculature. A standard LDPI takes 20 seconds to capture an image of 64x64 pixels.
Steps have been taken in recent years to reduce these limitations to a clinically acceptable level. The laser beam area can be reduced to 4Otm with a step size of 25 tm using enhanced resolution LDPI (EHR-LDPI), leading to an axial spatial resolution of 0.47 mm for 4096 points compared to 0.97 mm for 1024 points for a standard imager13. This axial resolution along with the reduced laser beam area allows the EHR-LDPI to image perfusion in single microvessels. More recently, Moor Instruments (Axminster, UK) have developed a line scanning laser Doppler imager. This reduces image acquisition time, since the imager acquires a horizontal line of 64 data points instantaneously and then moves to the next vertical position, sweeping across the tissue. Imaging time is now reduced to 5 seconds for a 50x64 pixel image14.
Recently, a method of LDPI has been developed that does not use the raster scan method, but can acquire the Doppler information 4 times faster than conventional scanning technology15. This method is called parallel LDPI, whereby mechanical scanning is substituted by a full-field photoelectrical scan with a divergent laser beam of 20-40 mm, resulting in a faster acquisition speed. Photodetection in parallel LDPI is performed with a 2D matrix of photodetectors on a CMOS image dysfunction and coronary heart disease3, as well as the blood flow within and outside skin cancers4. Even though this may be true, no method of microcirculation imaging has yet supplanted the awkward and qualitative method of clinical observation for diagnosis of microvasculature conditions. Imaging of tissue perfusion is an extremely important tool in assessing the influence of peripheral vascular disease in the human microcirculation. It is of utmost importance in the diagnosis of various conditions to be able to measure the flow or concentration in relatively small areas of tissue, rather than in the capillary bed as a whole, in order to pinpoint specifically affected areas. Thus significant spatial resolution in the tissue is required, and this resolution is variable with the amount of scattering and absorption presented by the tissue. Many clinical conditions that affect the microcirculation ofthe skin are still diagnosed and followed-up by observational methods alone in spite of the fact that non-invasive, more user-independent and objective methods are available today. Limited portability, high cost, lack of robustness and non-specificity of findings are among the factors that have hampered the implementation ofthese methods in a clinical setting. The ideal blood flow monitor should be objective, non-invasive, and capable reproducible readings. Image acquisition should be instantaneous, to reduce the misrepresentation of temporal variations as spatial heterogeneity in the tissue RBC concentration. In addition, it should be able to give values for perfusion, which are independent of tissue characteristics such as thickness, capillary density and optical properties. The latter is especially important when considering the varying amounts of melanin presented by interindividual skin, since melanin will act as an absorption filter and modulate the light transmitted to the papillary dermis.
In 1972 Riva and co-workers5 were the first to develop an instrument to measure RBC velocity in a glass flow tube model. By 1975 Stem6 had demonstrated that Doppler shifted laser light could be used to analyse RBC movement in the skin tissues. The single-point measurement laser Doppler perfusion monitor (LDPM) became a commercially available research tool7 and with the onset of home computers and increased computing power, led to the construction of a multi-point measurement imager in 19938. A laser Doppler image is simply an image in which the perfusion has been measured at individual points and placed together on a pseudo-colour map, which is the best method for presenting many single point measurements together8.
I Lack of an absolute zero measurement. Previously this had been attributed to Brownian motion within the vascular compartment and RBC vasomotion9'10 but more recently has been also attributed to the Brownian motion of macromolecules arising from the interstitial compartment".
. Restricted measurements of 1 mm2 at a time, sensitivity to motion and vibration with poor reproducibility of readings12.
I Lack ofknowledge ofsampling depth in the tissue.
. Mechanical steering of the laser beam takes substantial time, and temporal effects can be mis-interpreted as spatial heterogeneity in the microvasculature. A standard LDPI takes 20 seconds to capture an image of 64x64 pixels.
Steps have been taken in recent years to reduce these limitations to a clinically acceptable level. The laser beam area can be reduced to 4Otm with a step size of 25 tm using enhanced resolution LDPI (EHR-LDPI), leading to an axial spatial resolution of 0.47 mm for 4096 points compared to 0.97 mm for 1024 points for a standard imager'3. This axial resolution along with the reduced laser beam area allows the EHR-LDPI to image perfusion in single microvessels. More recently, Moor Instruments (Axminster, UK) have developed a line scanning laser Doppler imager. This reduces image acquisition time, since the imager acquires a horizontal line of 64 data points instantaneously and then moves to the next vertical position, sweeping across the tissue. Imaging time is now reduced to 5 seconds for a 50x64 pixel image '4. Recently, a method of LDPI has been developed that does not use the raster scan method, but can acquire the Doppler information 4 times faster than conventional scanning technology'5. This method is called parallel LDPI, whereby mechanical scanning is substituted by a full-field photoelectrical scan with a divergent laser beam of 20-40 mm, resulting in a faster acquisition speed. Photodetection in parallel LDPI is performed with a 2D matrix of photodetectors on a CMOS image sensor (an intelligent camera). This technique's best imaging time so far has been 5 seconds for a 64x64 pixel image, compared to a commercial unit taking 20 seconds for the same size pixel image16. In vivo hypoxic occlusion in the index finger has proven to be distinguishable with this new system. Fig. 1 details the differences in the operation between the serial and parallel versions of LDPI. This parallel progression of LDPI will facilitate real-time acquisition in the future, as the fastest refresh rate is currently 90 seconds from data acquisition to image production on the screen17, while conventional LDPI refresh rate is on the order of minutes. sensor (an intelligent camera). This technique's best imaging time so far has been 5 seconds for a 64x64 pixel image, compared to a commercial unit taking 20 seconds for the same size pixel image16. In vivo hypoxic occlusion in the index finger has proven to be distinguishable with this new system. Fig. 1 details the differences in the operation between the serial and parallel versions of LDPI. This parallel progression of LDPI will facilitate real-time acquisition in the future, as the fastest refresh rate is currently 90 seconds from data acquisition to image production on the screen17, while conventional LDPI refresh rate is on the order of minutes.
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OPTICAL COHERENCE TOMOGRAPHY
First developed by Huang in 199120, optical coherence tomography (OCT) is an imaging technique which provides high resolution cross sectional images of biological structures. Its major uses so far have been in ophthalmology and imaging in the retinal area to diagnose a variety of macular diseases2' and choroidal tumours22, due to the retina's weak scattering properties. In highly scattering media, the light beam is rapidly attenuated with propagation depth, resulting in signal degradation. It provides a method of "optical biopsy" on a similar resolution scale as histopathology. The technology derives much fibre-based instrumentation from the telecommunications industry, taking advantage of a well-developed modular technology base. Image resolution is usually in the area of 1-15 tm, which is one or two orders higher than that of ultrasound imaging, and in some cases can have resolution similar to 1 00 x magnification histology examination. The delay in application to other in vivo tissue structures has been mainly due to the problem of the sampling depth, which largely excludes broadband sources from deep subsurface imaging. Even though this effect is noted, OCT has recently been applied to the sensitive area ofmeasuring glucose levels non-invasively in human blood23.
OCT requires no direct contact with the tissue under investigation, and backscattered light from a tissue sample is interfered with by a reference wave in a technique called low-coherence interferometry. On observation of Fig. 2 , the light from the reference and sample arms interferes at the detector only when the difference of their path lengths is within the coherence length of the light source. The depth of measurement is controlled by "scanning" the reference arm at a constant velocity v so that the light travels a further distance of up to 1 mm. After interacting with the biological sample, the reference beam which has undergone no interaction and the sample beam are recombined at an optical detector. IR sources with wavelength greater than 1 000 nm are normally used since ocular media are essentially transparent at this wavelength, thus providing optical access to the anterior eye chamber and of course, the retina.
A major limiting factor for optical imaging of tissues is the absorption of water, which significantly deteriorates tissue transparency at wavelengths in the region of 1-2 tm. However, in most biological tissues, scattering in the near infrared wavelength region is one or two orders of magnitude higher than absorption. Therefore, OCT penetration in biological tissue tends to increase with increasing wavelength from hundreds of microns in the shorter wavelength region of the visible spectrum (about 450-550 nm) to about 1-2 mm in the mid infrared (1300-1500 nm)24.
OCT images of skin tissue provide merely physical examination of the first 1 mm of the tissue Arteries and veins have been distinguished in deeper tissues by applying Doppler algorithms to distinguish flow directions and speed25, but no spectroscopic information about blood in the microvascular network or any other chromophore can be obtained.
Recent efforts in standardising both LDPM and LDPI have been in progress, a standard perfusion unit as well as a single calibration procedure should be in use across Europe in order to make comparable measurements'8. In 2002, a report on a project named HIRELADO (HIgh REsolution LAser DOppler) from the standardisation group of the European society of contact dermatitis published guidelines on the measuring of skin blood flow, addressing mainly technical aspects and image interpretation. They bypassed they problem of the perfusion units simply by all international groups involved in the project using the same commercial instrument (Lisca AB, Sweden), and ifHR-LDPI is to be carried out, then these guidelines should be followed closely. Between 1997 and 2002 a standardisation project was undertaken by many international research institutes and manufacturers, in which a perfusion simulator for calibration and standardisation of LDPM and use of nomenclature was agreed. Results of this study have still not formally established scaling factors between different companies standardised instruments as well as standardised protocol for LDPM devices. 19 
First developed by Huang in 199120, optical coherence tomography (OCT) is an imaging technique which provides high resolution cross sectional images of biological structures. Its major uses so far have been in ophthalmology and imaging in the retinal area to diagnose a variety of macular diseases21 and choroidal tumours22, due to the retina's weak scattering properties. In highly scattering media, the light beam is rapidly attenuated with propagation depth, resulting in signal degradation. It provides a method of "optical biopsy" on a similar resolution scale as histopathology. The technology derives much fibre-based instrumentation from the telecommunications industry, taking advantage of a well-developed modular technology base. Image resolution is usually in the area of 1-15 pm, which is one or two orders higher than that of ultrasound imaging, and in some cases can have resolution similar to 100 x magnification histology examination. The delay in application to other in vivo tissue structures has been mainly due to the problem of the sampling depth, which largely excludes broadband sources from deep subsurface imaging. Even though this effect is noted, OCT has recently been applied to the sensitive area of measuring glucose levels non-invasively in human blood23.
OCT requires no direct contact with the tissue under investigation, and backscattered light from a tissue sample is interfered with by a reference wave in a technique called low-coherence interferometry. On observation of Fig. 2 , the light from the reference and sample arms interferes at the detector only when the difference of their path lengths is within the coherence length of the light source. The depth of measurement is controlled by "scanning" the reference arm at a constant velocity v so that the light travels a further distance of up to 1 mm. After interacting with the biological sample, the reference beam which has undergone no interaction and the sample beam are recombined at an optical detector. JR sources with wavelength greater than 1000 nm are normally used since ocular media are essentially transparent at this wavelength, thus providing optical access to the anterior eye chamber and of course, the retina.
OCT images of skin tissue provide merely physical examination of the first 1 mm of the tissue Arteries and veins have been distinguished in deeper tissues by applying Doppler algorithms to distinguish flow directions and speed25, but no spectroscopic information about blood in the microvascular network or any other chromophore can be obtained. Figure 2 . Instrumentation detailing the operation of an OCT system2O. Due to the intercoimectivity of fibre-based instruments, OCT can be integrated with many instruments, and light delivery can be carried out via cathethers26, microscopes27, ophthalmoscopes or endoscopes.
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DIFFUSE REFLECTANCE POLARIZATION IMAGING
It is widely recognized that the original polarization state is lost in multiply scattered light, although it may be partially preserved in weakly scattered light. Thus it is possible to use polarization techniques to image areas where weak scattering is prevalent, such as in the superficial layers ofthe skin. The study oflight scattering by Bacillus subtilis (bacterium) introduced the first medical polarization examining techniques28, although the first observation of rejecting the surface glare by viewing the skin through polarizing filters oriented perpendicular to the incident light was reported by Anderson29. Although still a relatively small area as regards to tissue imaging technologies, many papers have been published citing the use of polarization imaging for cancer boundary detection30'31, optical properties determination of diseased and control tissues32, examination of lentigo33 and visualization of water content in the skin34. The concept of polarization tissue imaging received a theoretical boost when it was suggested that reflected polarized imaging in skin would not suffer significant blurring, and therefore imaging ofthe superficial layers ofskin was possible without much loss of information35.
Polarized light studies are not applicable to the investigation of thick tissues, since the polarization information is lost after relatively few scattering events following the migration of photons into the tissue. It is, however, useful for analysis of light backscattered from thin, layered scattering media such as the epidermal layers of the skin. The methodology of subsurface polarization light spectroscopy involves illuminating the skin with incoherent light polarized by a linear polarizing filter, and observing the backscattered light through another linear polarizing filter with its pass direction oriented perpendicular to the direction of the illumination light. Light enters the tissue and is rapidly depolarized by scattering events and tissue birefringence due to collagen fibers. Thus, the light backscattered from the skin consists of both polarized and randomly polarized light, and so the polarized component (which has only interacted with the superficial epidermal layers) is blocked by the second polarizing filter. A portion ofthe randomly polarized light passes through the second filter, and reaches a CCD detection array. The effects ofrotating the detection polarizer is shown in Fig. 3 . 
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Polarized light studies are not applicable to the investigation of thick tissues, since the polarization information is lost after relatively few scattering events following the migration of photons into the tissue. It is, however, useful for analysis of light backscattered from thin, layered scattering media such as the epidermal layers of the skin. The methodology of subsurface polarization light spectroscopy involves illuminating the skin with incoherent light polarized by a linear polarizing filter, and observing the backscattered light through another linear polarizing filter with its pass direction oriented perpendicular to the direction of the illumination light. Light enters the tissue and is rapidly depolarized by scattering events and tissue birefringence due to collagen fibers. Thus, the light backscattered from the skin consists of both polarized and randomly polarized light, and so the polarized component (which has only interacted with the superficial epidermal layers) is blocked by the second polarizing filter. A portion ofthe randomly polarized light passes through the second filter, and reaches a CCD detection array. The effects ofrotating the detection polarizer is shown in Fig. 3 
SYSTEM THEORY
The system theory is already described by O'Doherty et al. but is provided here for completeness. Linearly polarised light is almost completely depolarised at a depth of approximately 300 jtm, which is a substantial distance into the reticular dermis in most skin sites. In this section of tissue, light is diffusely scattered and absorbed by the RBCs in the microvascular blood vessels, and other tissue structures (such as skin cells, hair follicles) present in this compartment. Broadband incoherent wideangle light is provided by the camera flash, and the image is acquired instantaneously. The operation ofthe system detailed in Fig. 4 shows the linear and depolarized light components and how the signal is filtered to create a diffuse reflection polarized image.
When light is incident on the skin surface, approximately 5% is reflected as surface glare, while a further 2% is reflected from subsurface superficial tissues. These 2 reflections retain their polarization states. Approximately 53% is absorbed into the skin matrix and is not re-emitted in any direction. Thus the backscattered light amounts to 40% of the incident light, which penetrates into the dermal area of the skin, and the polarization state is randomized by multiple scattering. Due to this randomization, approximately 20% is assumed to be parallel polarised and the other 20% is perpendicular polarised42. Thus the degree of polarization of the detected light is dependent on the incident polarization state, thickness and tissue optical properties. This technique is based on the assumption that weakly scattered light retains its polarization state, whereas multiply scattered light will depolarize faster.
Wavelengths of interest for papillary dermal imaging by our method are from 500 rim -600 nm (green) and from 600 nm -700 nm (red). Blue light from 400 nm -500 nm is assumed to be absorbed by the epidermal melanin layer. Mathematical modelling of the system requires the use of standard optical properties for the tissue and its constituent chromophores, namely the absorption coefficient jt and scattering coefficient p for Type II tissue. The refractive index of skin tissue and Monte Carlo methods of modelling the propagation of polarized light through the skin,36' 37 and experimental validation38' 39 have detailed the sampling depth of linearly polarized light to be in the order of 5-10 scattering mean free path lengths40' 31 and is dependent on the optical properties of the sample for wide-area tissue imaging41. The average sampling depth in skin tissue amounts to approximately 500 jtm at a wavelength of 633 nm, which is well into the reticular dermis where light is diffusely scattered and absorbed by the hemoglobin molecule in the RBCs and by other tissue constituents. 
The system theory is already described by O'Doherty et al. "s, but is provided here for completeness. Linearly polarised light is almost completely depolarised at a depth of approximately 300 jtm, which is a substantial distance into the reticular dermis in most skin sites. In this section of tissue, light is diffusely scattered and absorbed by the RBCs in the microvascular blood vessels, and other tissue structures (such as skin cells, hair follicles) present in this compartment. Broadband incoherent wideangle light is provided by the camera flash, and the image is acquired instantaneously. The operation ofthe system detailed in Fig. 4 shows the linear and depolarized light components and how the signal is filtered to create a diffuse reflection polarized image.
When light is incident on the skin surface, approximately 5% is reflected as surface glare, while a further 2% is reflected from subsurface superficial tissues. These 2 reflections retain their polarization states. Approximately 53% is absorbed into the skin matrix and is not re-emitted in any direction. Thus the backscattered light amounts to 40% of the incident light, which penetrates into the dermal area ofthe skin, and the polarization state is randomized by multiple scattering. Due to this randomization, approximately 20% is assumed to be parallel polarised and the other 20% is perpendicular polarised42. Thus the degree of polarization of the detected light is dependent on the incident polarization state, thickness and tissue optical properties. This technique is based on the assumption that weakly scattered light retains its polarization state, whereas multiply scattered light will depolarize faster.
Wavelengths of interest for papillary dermal imaging by our method are from 500 nm -600 nm (green) and from 600 nm -700 nm (red). Blue light from 400 nm -500 nm is assumed to be absorbed by the epidermal melanin layer. Mathematical modelling of the system requires the use of standard optical properties for the tissue and its constituent chromophores, namely the absorption coefficient ji and scattering coefficient p for Type II tissue. The refractive index of skin tissue and haemoglobin is assumed to be constant. These values were obtained from 46 and a curve fitting model applied to interpolate the values for each wavelength. An average value ofthese for mathematical modelling is detailed in Table 1 Note that oxygenation ofthe RBC has no effect on its scattering properties.
Absorber
Red (600 -700 nm)
Green (500 -600 nm) The wavelength-dependent intensity of backscattered light with a perpendicular polarization to the incident polarized light is described by the equation42:
'per (A2) oc k0 (A2)IOTPjd (A2)Rd (A2) (1) where ko(z12) represents the fraction of the total emitted light intensity 4 within the wavelength interval z12 impinging on the skin, Tepid(/J2) represents transmission properties of the epidermal layer, and Rj(z12) represents diffusely reflected light in the reticular dermis. In order to quantify the fraction of RBCs in the tissue microvasculature as an expression of the viability of the tissue, an algorithm is suggested that does not depend on the total light intensity and takes advantage ofthe fact that green light is absorbed to a higher degree in RBCs than red light, while light in both wavelength regions is absorbed to a comparatively low and similar degree by the surrounding tissue. The tissue viability index (TVjndex), 5 defined as:
where Iper(L12r) and Iper(L12g) represent the perpendicularly oriented and wavelength-dependent intensity of backscattered light in the red and green wavelength regions. The constant k1 can be fitted for best algorithm performance, and kgajn 5 a constant that represents the gain factor. Inserting Eqn. 1 into Eqn. 2 cancelling the 4 factor and setting k = k1ko(z12,) / ko(zl2r), the algorithm is expanded to:
in cx gain tepid (A2r )Rd (A2r)
The independence of total light intensity in the algorithm employed implies that the TVijflX calculated is only minimally influenced by the distance to and the curvature of the area under examination. Incident and diffusely backscattered light will pass through the epidermal melanin layer, thus the volume fraction of melanin will modulate the amount of backscattered light. The melanin layer can be thought of as an absorption filter, and its spectral characteristics show an exponential decrease of absorption with wavelength. For a sufficiently thin melanin layer, Tepid can be approximated to 1, reducing the algorithm to:
According to Kubelka-Munk theory47 and its modification48 the wavelength-dependent diffusely reflected light from a slab of infinite length can be expressed as:
Mathematical Derivation
The wavelength-dependent intensity of backscattered light with a perpendicular polarization to the incident polarized light is described by the equation42:
'per (A2) oc k0 (A2)IOiPld (A2)Rd ("%) (1) where ko(zlA) represents the fraction of the total emitted light intensity I within the wavelength interval z12 impinging on the skin, Tepid(z12) represents transmission properties of the epidermal layer, and Rj(zL) represents diffusely reflected light in the reticular dermis. In order to quantif' the fraction of RBCs in the tissue microvasculature as an expression of the viability of the tissue, an algorithm is suggested that does not depend on the total light intensity and takes advantage ofthe fact that green light is absorbed to a higher degree in RBCs than red light, while light in both wavelength regions is absorbed to a comparatively low and similar degree by the surrounding tissue. The tissue viability index (TVljndex), 5 defined as:
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where Iper(L12r) and Iperfr-12g) represent the perpendicularly oriented and wavelength-dependent intensity of backscattered light in the red and green wavelength regions. The constant k1 can be fitted for best algorithm performance, and kgain 5 a constant that represents the gain factor. Inserting Eqn. 1 into Eqn. 2 cancelling the 4 factor and setting k = k1k0(z12,) / k0(212r), the algorithm is expanded to:
The independence of total light intensity in the algorithm employed implies that the TViindeX calculated is only minimally influenced by the distance to and the curvature of the area under examination. Incident and diffusely backscattered light will pass through the epidermal melanin layer, thus the volume fraction of melanin will modulate the amount of backscattered light. The melanin layer can be thought of as an absorption filter, and its spectral characteristics show an exponential decrease of absorption with wavelength. For a sufficiently thin melanin layer, Tepid can be approximated to 1, reducing the algorithm to:
where K and S are Kubelka-Munk absorption and scattering coefficients. Using a derivation from diffusion theory 48, 49 and assuming isotropic scattering, it can be shown that:
Rd(A) = 1 + 8Pa(A2) _1(8A22 + 2 8Pa(A2) (6) 3u (A2) t\ (3PS (A2))2 (t\2))
where Pa(t2) 5 the absorption coefficient and p (2) is the scattering coefficient. The total absorption and scattering coefficients can each be considered to be composed of two parts -one that relates to the RBC ( PaC (%)
and PsC (L\2) ) and one that relates to the remaining tissue (/-aTJSSUE (A%) and PSTJSSUE('S2) ). The total tissue absorption ua(2) and scattering coefficient ps(2)can be regarded as a linear combination ofthese two parts:
I'S (
where RBC represents the volume fraction of RBCs occupying the tissue volume under consideration. Inserting numerical values from Table 1 results in a k value ofO.9905. The simulated non-linearized TVjndex 5 displayed as a function of RBCf in Fig. 5 for the oxygen saturation levels 60%, and 100% demonstrating the relative independence from oxygen saturation.
where Pa(At) 5 the absorption coefficient and p (L2) is the scattering coefficient. The total absorption and scattering coefficients can each be considered to be composed of two parts -one that relates to the RBC ( PaC (A2) and PsC (L\1Z) ) and one that relates to the remaining tissue (/aTISSUE(A2) ffld PSTJSSUE('2) ) The total tissue absorption itta(2) and scattering coefficient /-(t) can be regarded as a linear combination ofthese two parts:
I-Is () = RBCfpSc (2)
where RBC represents the volume fraction of RBCs occupying the tissue volume under consideration. Inserting numerical values from Table 1 results in a k value ofO.9905. The simulated non-linearized TV1jfldex 5 displayed as a function of RBCf in Fig. 5 for the oxygen saturation levels 60%, and 100% demonstrating the relative independence from oxygen saturation. Table 1 for 2 oxygenation levels, 60% and 100%.
The influence of a thin melanin layer in the epidermis can be modelled by way of an absorption filter with the transmission function: tepid () = e_2h1D2 (9) where /-1aEPID 5 the wavelength-dependent absorption coefficient of the epidermal layer and x is the layer thickness. Inserting Eqn. 9 into Eqn. 3 gives:
In forearm skin where most skin testing is performed, the epidermal layer thickness amounts to 50 -1 00 tm, resulting in a . Table 1 for 2 oxygenation levels, 60% and 100%.
The influence of a thin melanin layer in the epidermis can be modelled by way of an absorption filter with the transmission function: tepid () = e_2P1D2 (9) where /-1aEPID S the wavelength-dependent absorption coefficient of the epidermal layer and x is the layer thickness. Inserting Eqn. 9 into Eqn. 3 gives:
In forearm skin where most skin testing is performed, the epidermal layer thickness amounts to 50 -1 00 tm, resulting in a . 
INSTRUMEMTATION
A custom system was developed and is commercially available (WheelsBridge AB®, Linkoping, Sweden) to examine RBC concentration in the papillary dermis of skin tissue by way of diffuse reflection polarization imaging. The system comprises of a consumer end digital camera containing a single CCD and Bayer colour filter array for filtering the red green and blue colour channels (Canon S80, Canon Inc., Japan). A polarization filter is placed over the flash (light source) and a filter of perpendicular pass direction is placed over the lens. The camera distance from the tissue surface for imaging is between 10 cm and 1 5 cm. The camera is connected to a PC by USB and controlled remotely by custom designed image processing software. All parameters ofthe camera can be controlled, such as image resolution, zoom, macro capabilities etc.
A series of images (captured in 8-bit RGB format) can be automated for capture by setting a time step for acquisition. This time step between images is a minimum of 5 seconds due to flash recycle time. A download folder and image sequence names can be automatically set by the user. Analysis software presented as a graphical user interface (GUI) was designed based on the theory detailed in the above section for analysis of the captured images. In a processed image (which we term a tissue viability image), RBC concentration is presented as a pseudo colour coded map, where red and blue colours represent high md low RBC concentration respectively. Many extra tools are available in the processing software such as the analysis of a region of interest from the sequence of images, creation of a movie from the images so as to compress and replay the dynamic changes in tissue viability that happen over several minutes to a time period of a few seconds. There is also an image aligning function that can align all the images to the same point, should the area under investigation move slightly during series acquisition. Statistical information for each image is displayed by default.
Image Processing Algorithm
Colour separation performed by the Bayer colour filter in the camera is repeated in the Matlab environment, with each image being separated into three colour planes, Mred, Mgreen and Mblue. By applying Eqn. 10 in the form:
where Mred, Mgreen are representative of R(A2) and Rd(Xg) respectively. In order to compensate for the non-linear feature of the algorithm -the TVlindex RBCf relationship predicted by theory, each element in the M-matrix was further processed in accordance with: M0 = Me_*M (12) where p is an empirical factor fitted to produce best linear performance over the RBC interval of interest (0 -4%). This was attained for a value of p 2.6. The matrix ( M01 ) is presented as a two-dimensional pseudo-colour tissue RBCf map, an example ofwhich is presented in Fig. 6 .
INSTRUMEMTATION
A custom system was developed and is commercially available (WheelsBridge AB®, Linkoping, Sweden) to examine RBC concentration in the papillary dermis of skin tissue by way of diffuse reflection polarization imaging. The system comprises of a consumer end digital camera containing a single CCD and Bayer colour filter array for filtering the red green and blue colour channels (Canon 580, Canon Inc., Japan). A polarization filter is placed over the flash (light source) and a filter of perpendicular pass direction is placed over the lens. The camera distance from the tissue surface for imaging is between 10 cm and 1 5 cm. The camera is connected to a PC by USB and controlled remotely by custom designed image processing software. All parameters ofthe camera can be controlled, such as image resolution, zoom, macro capabilities etc.
Image Processing Algorithm
where Mred, Mgreen are representative of Rj(A2) and Rd(Xg) respectively. In order to compensate for the non-linear feature of the algorithm -the TV1,ndex RBC relationship predicted by theory, each element in the M-matrix was further processed in accordance with: M0 = Me_*M (12) where p is an empirical factor fitted to produce best linear performance over the RBC interval of interest (0 -4%). This was attained for a value of p 2.6. The matrix ( M01 ) is presented as a two-dimensional pseudo-colour tissue RBCf map, an example ofwhich is presented in Fig. 6 . Figure 6 . Example ofthe colour coded map generated by application ofEqn. 12. Note the non-homogenous distribution of blood in the fingertips.
IN VIVO EVALUATION
The designed system was used to investigate the microcirculation in vivo for externally applied stimuli. The effects of acetylcholine on the ventral forearm ofyoung volunteers was studied. A circular iontophoresis electrode (i.d. 15 mm, height 3 mm) was attached and the well formed by the electrode was filled with acetylcholine diluted in physiological saline (10 mg/ml). After filling, the well was covered with a thin sheet of transparent glass and a pulsed current of 0.02 mA was fed through the electrode for 10 minutes. By this method, the positively charged acetylcholine molecules diffuse through the skin and reach the receptors in the microvascular network. The blood vessels dilate after interaction with the receptors, and an increase in tissue blood concentration occurs. One polarization spectroscopy image every 5 seconds was captured through the software, and processed. The average RBCf increase inside the well after 10 minutes was calculated to be 66%, and some areas had no response to the administered drug, while other areas varied by up to 1 17%. This shows the spatial heterogeneity ofthe 15 mm area. The before and after effects are detailed in Fig. 7 . Figure 6 . Example ofthe colour coded map generated by application ofEqn. 12. Note the non-homogenous distribution of blood in the fingertips.
The designed system was used to investigate the microcirculation in vivo for externally applied stimuli. The effects of acetyicholine on the ventral forearm ofyoung volunteers was studied. A circular iontophoresis electrode (i.d. 1 5 mm, height 3 mm) was attached and the well formed by the electrode was filled with acetylcholine diluted in physiological saline (10 mg/ml). After filling, the well was covered with a thin sheet of transparent glass and a pulsed current of 0.02 mA was fed through the electrode for 10 minutes. By this method, the positively charged acetylcholine molecules diffuse through the skin and reach the receptors in the microvascular network. The blood vessels dilate after interaction with the receptors, and an increase in tissue blood concentration occurs. One polarization spectroscopy image every 5 seconds was captured through the software, and processed. The average RBCf increase inside the well after 10 minutes was calculated to be 66%, and some areas had no response to the administered drug, while other areas varied by up to 1 17%. This shows the spatial heterogeneity ofthe 15 mm area. The before and after effects are detailed in Fig. 7 . was applied topically on a third adjacent skin site. The three skin sites were expected to demonstrate erythema (vasodilatation) and blanching (vasoconstriction) respectively. The images displayed in Fig. 8 were recorded 10 minutes following application of methyl nicotinate and removal of the occlusion cover over the site exposed to clobestal propionate. The average TlVlindex value for the methyl nicotinate site was calculated to be 30% above normal skin control levels. The average Ti VI index for the the 20 tl and 10 tl clobestal propionate application sites were 31% respectively 19% below normal skin control levels. was applied topically on a third adjacent skin site. The three skin sites were expected to demonstrate erythema (vasodiiatation) and blanching (vasoconstriction) respectively. The images displayed in Fig. 8 were recorded 10 minutes following application of methyl nicotinate and removal of the occlusion cover over the site exposed to clobestal propionate. The average TlVlindex value for the methyl nicotinate site was calculated to be 30% above normal skin control levels. The average T VI index for the the 20 1.11 and 10 p1 clobestal propionate application sites were 31% respectively 19% below normal skin control levels.
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CONCLUSIONS
A briefreview of current research methods for investigating both the physical structure and microvascular RBC concentration has been given. Limitations of both of these techniques prompted further research into microvascular imaging, and the eventual design of a low-cost portable system to image RBC concentration in the papillary dermis. The system operates by polarization imaging, which suppresses the surface reflections from the skin surface, and only accepts light that has been diffusely backscattered from the deeper tissue. Theory developed by way of an adapted Kubelka-Munk model of the diffuse reflectance from dermal tissue was used via optical properties from literature. It should be noted that numerical values of tissue and blood optical properties are difficult to measure accurately, and the literature presents a wide range of values for these parameters, with variations of up to 100% in some cases43. Because the absorption of red light in tissue is relatively 
A brief review of current research methods for investigating both the physical structure and microvascular RBC concentration has been given. Limitations of both of these techniques prompted further research into microvascular imaging, and the eventual design of a low-cost portable system to image RBC concentration in the papillary dermis. The system operates by polarization imaging, which suppresses the surface reflections from the skin surface, and only accepts light that has been diffusely backscattered from the deeper tissue. Theory developed by way of an adapted Kubelka-Munk model of the diffuse reflectance from dermal tissue was used via optical properties from literature. It should be noted that numerical values of tissue and blood optical properties are difficult to measure accurately, and the literature presents a wide range of values for these parameters, with variations of up to 100% in some cases43. Because the absorption of red light in tissue is relatively independent of the amount of blood, the depth sensitivity is determined mainly by the penetration depth of the green light. This theory was used to propose an image processing algorithm, the performance of which was briefly evaluated, and a linear output between RBC concentration and system output was determined. The system has proven to be only slightly responsive to oxygen saturation, with only a small shift in TlVljndex for a change in physiological extremes of6O% and 100%.
Two example tests of the system in vivo are described, firstly by the iontophoresis of acetylcholine on the forearm to produce vasodilation and secondly by the application of clobestal propionate and methyl nicotinate. The former application is of particular interest in the evaluation of peripheral neuropathy in diabetics, a patient group known to possess a weaker or even absent response to acetylcholine50, and also in other assessment of reactive status of the microvasculature e.g. in severe burns or intensive care patients. The results show an important aspect of the system -the ability to quantify a decrease in the microvascular RBC concentration from normal levels. Additionally, since image acquisition is instantaneous, rapid changes such as the urticarial time course of methyl nicotinate reaction can easily be documented as images rather than single point measurements, thereby making it possible to simultaneously investigate both temporal and spatial aspects of rapid skin microvascular reactions. Extension ofthe technology to real-time video imaging at a frame rate of 5 Hz is underway.
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Two example tests of the system in vivo are described, firstly by the iontophoresis of acetyicholine on the forearm to produce vasodilation and secondly by the application of clobestal propionate and methyl nicotinate. The former application is of particular interest in the evaluation of peripheral neuropathy in diabetics, a patient group known to possess a weaker or even absent response to acetylcholine50, and also in other assessment of reactive status of the microvasculature e.g. in severe bums or intensive care patients. The results show an important aspect of the system -the ability to quantify a decrease in the microvascular RBC concentration from normal levels. Additionally, since image acquisition is instantaneous, rapid changes such as the urticarial time course of methyl nicotinate reaction can easily be documented as images rather than single point measurements, thereby making it possible to simultaneously investigate both temporal and spatial aspects of rapid skin microvascular reactions. Extension of the technology to real-time video imaging at a frame rate of 5 Hz is underway.
